Label-free sensors enable the detection of chemical and biological samples in their natural forms without external fluorescence labeling and therefore are of great interest in healthcare, biochemical research, and homeland security. 1 Effective integration between label-free sensors and microfluidics is highly desirable for efficient sample delivery to achieve rapid and sensitive detection. To date, most of the label-free sensors employ the "flow-over" scheme, which relies on the analytes in bulk solution to diffuse to the sensing surface. While simple, this approach suffers from mass transport problems that significantly slow down the detection speed, particularly at low sample concentrations. Recently, the "flow-through" scheme has been implemented in a few label-free sensors. [2] [3] [4] [5] [6] In those designs, an array of nanoholes is created on a thin ͑ϳ100 nm͒ dielectric or metallic membrane to form photonic crystals or nanoplasmonic structures for sensing, as well as nanofluidic channels for analytes to flow through. Using this method, 6-14-fold improvement in the mass transport rate has been demonstrated. 3, 4 However, fabrication of those nanostructures is very costly and involves many steps. Furthermore, it is challenging or laborious to ensure the structural integrity of the membranes, which is subject to relatively high pressure gradients required to drive analytes through. Additionally, the Q-factors in those sensors are still low ͑ϳ10-30͒, 2-4 adversely affecting their sensing performance. Finally, since the hole size determines the sensor operation wavelength, there is little design flexibility in selecting holes to accommodate different sizes of analytes that range from protein molecules ͑ϳ5-10 nm͒ to viral particles ͑hundreds of nanometers͒.
In this letter, we propose, fabricate, characterize, and demonstrate an optofluidic Fabry-Pérot ͑FP͒ cavity sensor with integrated flow-through micro-/nanofluidic channels. As illustrated in Fig. 1͑a͒ , the optofluidic FP sensor employs a microsized capillary with many built-in micro-/nanosized flow-through holes. When the capillary is placed between two reflectors, a FP cavity forms and detects the analytes that bind to the internal surface of the holes. The optofluidic FP sensor has a number of advantages over the current label-free sensors. First, as opposed to the planar surface detection in most sensors, micro-/nanohole arrays enable threedimensional detection, which greatly enhances the detection sensitivity. Our sensor mimics the nanoporous silicon sensor with high sensitivity, [7] [8] [9] [10] and meanwhile significantly expedites the detection speed ͑minutes versus hours 8, 9 ͒ due to its built-in flow-through fluidics ͑rather than dead-ended holes in the nanoporous silicon sensor͒. Second, the micro-/ nanofluidic capillary can be mass-produced easily and costeffectively from a preform using the fiber drawing method with a much narrower hole size distribution than the nanoporous silicon sensor. It is highly robust and can sustain relatively high pressure. Third, the hole size can be adjusted to accommodate a wide range of biological samples without significantly altering the setup or operation wavelength. nally, the Q-factor of the FP resonator can be as high as 27 000, 11 about three orders of magnitude higher than the aforementioned flow-through sensors, which, together with the higher sensitivity, should lead to a much better sensing performance. Figure 1͑b͒ illustrates the optofluidic FP sensing principle using a simple one-dimensional FP cavity composed of N holes, which provides 2N solid-liquid interfaces for biomolecular adsorption. The initial resonance wavelength 0 is determined by the resonant condition: 2nL = m 0 ͑m =1,2,3,...͒, where n and L are the effective refractive index ͑RI͒ and length of the cavity, respectively. After biomolecule attachment, the resonant condition becomes 2͑nL +2N · ⌬n · ␦t͒ = m͑ 0 + ␦͒, where ⌬n is the RI difference between the biomolecule and the ambient medium within the fluidic channels ͑e.g., water͒, ␦t is the thickness of the adsorbed biomolecular layer, and ␦ is the resonant wavelength shift. Therefore, the surface detection sensitivity, ␦ / ␦t, is given by ␦ / ␦t =2N͑⌬n / nL · 0 ͒, 2N-fold enhancement over the FP cavity sensor with a single sensing surface. 12 A more generalized expression for the surface detection sensitivity can be deduced by considering the mode spectral shift caused by the fractional electromagnetic energy change inside the cavity due to the biomolecular attachment, 13, 14 ␦/␦t = ͑A/V͒͑⌬n/n͒ 0 ,
͑1͒
where V and A are the total volume and internal surface area within the FP cavity, respectively. Equation ͑1͒ shows that the surface detection sensitivity is linearly proportional to the surface-to-volume ratio, A / V. Similarly, the bulk refractive index sensitivity ͑assuming that the RI of all fluidic channels is homogeneously changed͒, ␦ / ␦n, can be derived as
͑2͒
where W is the total volume of the fluidic channels within the FP cavity. The bulk RI sensitivity can be used to characterize the capability of detecting large species ͑such as virus͒. Figure 2 plots the simulation results based on Eq. ͑1͒ for a FP cavity with square holes. With the decreased hole size, more holes and hence more surface area can be placed inside the cavity, resulting in a larger surface detection sensitivity. For the hole size from 1 m to 20 nm, a sensitivity of 0.47-23 nm/nm can be achieved. The sensitivity for the 20-100 nm holes is on par with the nanoporous silicon sensor with the similar pore sizes, 10 but much larger than nearly all other types of label-free sensors such as surface plasmon resonance sensors, photonic crystal sensors, and ring resonator sensors. 1 In the proof-of-concept experiments, we first fabricate micro-/nanofluidic capillaries ͓as exemplified in Figs. 3͑a͒ and 3͑b͔͒ using an in-house computer controlled fiber/ capillary drawing system and a borosilicate glass preform having 7000 uniform 18 m hexagonal holes. Figure 3͑c͒ shows the experimental setup. A piece of 6-mm-long capillary ͓shown in Fig. 3͑a͔͒ is placed between two gold coated single mode fibers. The light from a tunable laser ͑1520-1570 nm͒ is coupled into one fiber and the transmitted light is collected by the other one. One end of the capillary is connected to a sample reservoir, and the sample is withdrawn by vacuum from the other end with a flow rate of ϳ0.5 L / min. Figure 4͑a͒ shows the transmission spectra of the FP cavity in the absence and presence of the capillary ͓filled with de-ionized ͑DI͒ water͔. The presence of the capillary increases the cavity optical length, thus resulting in a smaller free spectral range. Note that even with thousands of holes inside the cavity, the FP resonance still persists with a full width at half maximum of about 3.1 nm ͑obtained by Lorentz fitting͒, corresponding to a Q-factor of 500 ͑much higher than other flow-through sensors 2-4 ͒. The Q-factor can significantly be improved in the future by using a collimated beam instead of the diverging beam from the fiber 15 and highly reflective dielectric multilayers instead of the lossy gold film. 11, 12 Note that the resonances observed in Fig. 4͑a͒ are not due to the photonic band gap effect resulting from the orderly arranged holes. 16 Randomly distributed holes should work just well, like in a nanoporous silicon sensor. 
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We then characterize our sensor's bulk RI detection capability by flowing a series of ethanol and DI water mixtures. Figure 4͑b͒ shows that 550 nm/RIU ͑refractive index units͒ can be obtained, close to our theoretical estimation of 640 nm/RIU using Eq. ͑2͒. This sensitivity is similar to that achieved in other flow-through sensors. 2, 3 As shown in the inset of Fig. 4͑b͒ , it takes less than 15 s for 5% ethanol to completely replace the DI water initially filled inside the capillary. This represents the quickest analyte delivery rate among all flow-through nanohole sensors, as our sensor does not require any external microfluidic channels to be connected to the nanoholes.
To characterize the surface detection capability of our sensor, in Fig. 5͑a͒ we employ silica molecule as the low molecular weight ͑MW͒ model system ͑MW= 60 Da͒ and monitor the sensor response when silica molecules are continuously removed from the wall when low concentration ͑1%͒ aqueous hydrofluoric acid ͑HF͒ is flowed through the capillary. A total blueshift of 3.7 nm within 1.7 min is observed. Independent experiment shows that the etching rate of 1% HF for borosilicate glass is 20 nm/min. Therefore, the sensor surface detection sensitivity is approximately 0.109 nm/nm, close to the theoretical estimation of 0.124 nm/nm based on Eq. ͑1͒.
In addition to detecting molecules removed from the sensing surface, we also measure the biomolecules attached to the surface. First, the internal surface of the capillary is activated by 1% HF etching, followed by 5% aminopropyltrimethoxysilane solution in methanol/DI water ͑1:1͒. Then phosphate buffered saline ͑PBS͒ buffer is flowed continually to remove the residual solution and establish a stable baseline. At time zero, 1 mg/ml EZ-Link ® sulfo-NHS-LC-LCbiotin ͑sulfosuccinimidyl-6-͓biotinamido͔-6-hexanamido hexanoate͒ ͑MW= 670 Da͒ in PBS is flowed into the capillary. Figure 5͑b͒ shows that the wavelength shift increases as more analytes covalently bind to the sensing surface until a saturation shift of 0.35 nm is reached in about 7 min. No blueshift is observed with the subsequent PBS rinse, indicating that analytes are strongly bound to the sensor surface. Assuming that a fully packed analyte layer is formed on the sensing surface with the thickness increase corresponding to the length of analyte ͑i.e., 3.05 nm͒ and that the analyte has the same RI as silica, we arrived at the surface detection sensitivity of 0.115 nm/nm, close to 0.124 nm/nm based on Eq. ͑1͒ discussed earlier.
In conclusion, we have presented a robust optofluidic FP cavity sensor with integrated flow-through micro-/ nanochannels, which exhibits rapid analyte delivery, high bulk RI sensitivity, and potentially high surface detection sensitivity. In the future, we will improve the Q-factor by using highly reflective dielectric multilayers. The surface detection sensitivity will also be increased by using smaller holes and higher hole density. A shorter capillary ͑Ͻ1 mm͒ will be employed for even quicker sample delivery. 
